We present a method that enables performing x-ray phase-contrast imaging (XPCI) computed tomography with a laboratory setup using a single image per projection angle, eliminating the need to move optical elements during acquisition. Theoretical derivation of the method is presented, and its validity conditions are provided. The object is assumed to be quasihomogeneous, i.e., to feature a ratio between the refractive index and the linear attenuation coefficient that is approximately constant across the field of view. The method is experimentally demonstrated on a plastics phantom and on biological samples using a continuous rotation acquisition scheme achieving scan times of a few minutes. Moreover, we show that such acquisition times can be further reduced with the use of a high-efficiency photon-counting detector. Thanks to its ability to substantially simplify the image-acquisition procedure and greatly reduce collection times, we believe this method represents a very important step towards the application of XPCI to real-world problems.
I. INTRODUCTION
X-ray phase-contrast imaging (XPCI) techniques enable the achievement of highly improved contrast compared to conventional absorption-based imaging methods, thanks to their ability to detect the x-ray phase shift undergone by the beam upon passing through the sample in addition to x-ray attenuation [1] . This has led to increasing interest and significant research efforts dedicated to this topic, in particular, research on translating XPCI from synchrotron radiation facilities to tabletop setups making use of conventional x-ray tubes [2] [3] [4] .
Despite the high expectations, however, the implementation of XPCI in normal research laboratories, as well as in industrial and clinical facilities, remains limited. One of the main limitations is represented by the excessively long acquisition times often required, especially for computed tomography (CT) applications. Long exposure times are due, in particular, to the need to use an x-ray source with a very small (approximately microns) focus (thus, severely limiting the available flux) [2] and/or the need to acquire several images as input for the phase retrieval at different positions of the optical elements [3, 5] . Not only does the latter requirement increase the total exposure time, but it also substantially complicates the CT acquisition procedure and introduces significant dead times. In fact, in typical XPCI CT implementations, the movement of the optical elements and the acquisition of several frames is performed at every rotation angle before moving to the next angle and repeating this sequence [6, 7] . This acquisition scheme is normally preferred to the one where a whole sample rotation is carried out before changing the optical elements position because of stability reasons (i.e., to maximize consistency between frames acquired at the same angle). However, it introduces considerable dead times and prevents the use of continuous rotation schemes, which can considerably speed up the acquisition. An exception is represented by the so-called "reverse-projection" method, which has been applied both with synchrotron [8] [9] and laboratory setups [10] . However, this method relies on strict alignment of the optical elements and, effectively, requires the acquisition of twice as many angles than used in the CT reconstruction. Other methods have been developed that do not need multiple images per projection angle; however, they are based on XPCI setups that require the use of either synchrotron radiation [11] [12] , microfocal sources [13] [14] , or strong energy filtration of the radiation emitted by a conventional x-ray tube [15] , again resulting in long exposure times.
In this article, we present a method that offers a practical solution to the above-mentioned problems by requiring the acquisition of only one image per angular view and enabling the use of continuous rotation acquisition schemes. The method is based on the so-called edge-illumination (EI) technique, which was implemented with synchrotron radiation [16] [17] and then demonstrated to be compatible with the use of polychromatic and divergent radiation emitted by laboratory nonmicrofocal x-ray tubes [4] [5] [18] [19] . This latter property derives directly from the intrinsically incoherent nature of the EI technique, which, in fact, can be accurately described using pure geometrical optics [20] [21] [22] .
II. THEORY
The EI setup makes use of two absorbing masks made of alternating absorbing and transmitting lines: one mask is placed just before the sample, while the other is in front of the detector [see Fig. 1(a) ]. The masks are slightly misaligned with respect to each other so that a fraction of the photons exiting from the first mask passes through the apertures of the second, while the remaining fraction strikes the absorbing septa and will, thus, be stopped. Each of the apertures in the detector mask is aligned with a line of pixels on the detector, which can then count the transmitted intensity. In this configuration, a slight change in the beamlet's direction caused by refraction from the object leads to a change in the proportion of photons being stopped by the second mask and, thus, to a change in the signal on the detector. The masks, therefore, have the effect of converting the sample refraction into a measurable intensity modulation on the detector.
For every monochromatic component of wavelength λ in the beam, the refraction angle in the direction x orthogonal to the mask lines is equal to Δθ x ðx; y; λÞ ¼ k −1 ∇ x ϕðx; y; λÞ, where k ¼ 2π=λ is the wave number, ϕðx; y; λÞ ¼ k R dzδðx; y; z; λÞ is the phase shift, δ is the object refractive index, z is the beam axis, and ∇ x indicates differentiation along x. Transmission through the object is equal to Tðx; y; λÞ ¼ exp½−pðx; y; λÞ¼ exp½− R dzμðx; y; z; λÞ, where μ is the object linear attenuation coefficient. The signal on the detector can then be described as [17] [18] Sðx; y; λÞ ¼ NTðx; y; λÞC½x e − k −1 z 2 ∇ x ϕðx; y; λÞ; λ; ð1Þ
where N represents the number of photons per pixel exiting the first mask, and Cðx e ; λÞ is the fraction of those photons being transmitted through the second mask as a function of the misalignment x e between the two masks. Cðx e ; λÞ is usually referred to as the "illumination curve," and its values range from approximately 1 (for aligned masks) to approximately 0 (for totally misaligned masks) [see Fig. 1(b) ]. The effect of the sample is to attenuate the beam intensity and, due to refraction, to shift the argument of the illumination curve by −Δx ¼ −k −1 z 2 ∇ x ϕ, where z 2 is the propagation distance between the sample and the detector mask, and Δx is the spatial shift of the beam along x. The refraction signal is to first approximation proportional to the phase derivative. In fact, if an image is acquired on one of the slopes of the illumination curve, and if the beam shift Δx is sufficiently small, a linear approximation of the illumination curve can be safely used, giving Sðx; y; λÞ ¼ NTðx; y; λÞ½Cðx e ; λÞ − k −1 z 2 ∇ x ϕðx; y; λÞC 0 ðx e ; λÞ, where C 0 ðx e ; λÞ ¼ ∂Cðx e ; λÞ=∂x e is the first derivative of the illumination curve.
Equation (1) represents the EI signal along the direction orthogonal to the mask lines. It can be shown that in the direction y parallel to the mask lines, the signal is the same as the one that is obtained without masks [23] . In the approximation of the near-field regime, this signal can be expressed by using the well-known transport-of-intensity equation [24] [25] (note that, in the direction orthogonal to the apertures, the same signal is effectively converted into an EI signal due to the presence of both sample and detector masks [21] ). By adding this term along y to the expression for the signal, as well as the convolution with the detector response function, one obtains S n ðx; y; λÞ ¼ Tðx; y; λÞ − Tðx; y; λÞ × C 0 ðx e ; λÞ Cðx e ; λÞ k −1 z 2 ∇ x ϕðx; y; λÞ − k −1 z 2 ∇ y ½T∇ y ϕðx; y; λÞ * LSF y ðyÞ; ð2Þ
where S n ¼ S=ðNCÞ is the normalized signal, LSFðyÞ is the line-spread function of the detector along y, and * indicates one-dimensional (1D) convolution. In Eq. (2), the first term is the conventional attenuation signal, the second term is the EI signal along x, and the third term the free-space-propagation (FSP) signal along y. In general, the signal recorded by the EI setup contains a mixture of attenuation and refraction contrast, as seen from Eq. (2). Therefore, two different images are usually needed to separate and quantify these two quantities: these images are usually acquired at the left and right slopes of the illumination curve and then mathematically combined [17] [18] . Following a recent publication, however, we assume here that the sample is quasihomogeneous, i.e., that the ratio γðλÞ ¼ δðx; y; z; λÞ= μðx; y; z; λÞ is approximately constant throughout the field of view [26] . This approximation has been used extensively in the framework of the FSP technique [13] and was shown to hold in several practical cases, in particular for biological soft tissues. Under this assumption, the phase and attenuation reduce to a single unknown as ϕ ¼ −kγ R dtμðtÞ, thus, requiring only a single image for the retrieval. In the following, we further assume that the illumination curve C is independent of energy. This is demonstrated experimentally in Ref. [27] and is true if (1) the masks are sufficiently thick to absorb all the x rays incident on the absorbing septa, and (2) the projected source size is sufficiently large so as to wash out diffraction peaks [18] . By exploiting the equality expð−pÞ∇ x;y p ¼ −∇ x;y expð−pÞ, Eq. (2) can be written for a single image acquired on one of the slopes of the illumination function as [26] S n ðλÞ ¼ ½LSF y * −γðλÞJ EI LSF y * ∇ x − γðλÞz 2 LSF y * ∇ 2 y exp½−pðλÞ;
where for simplicity of notation, we have discarded the dependences upon x and y and where we have defined J EI ¼ z 2 C 0 ðx e Þ=Cðx e Þ. By taking the 2D Fourier transform of both sides of Eq. (3), we obtain
where MTF y ðf y Þ ¼ FfLSF y ðyÞg is the modulation transfer function of the detector in the direction parallel to the mask lines, and f x and f y are the spatial frequencies along x and y. Equation (4) establishes a simple relationship between the measured image and the unknown quantity pðx; y; λÞ, which can be directly inverted in the monochromatic case to obtain the latter quantity. With a polychromatic beam, however, the measured detector signal is the weighted sum of all monochromatic components, i.e., S n ðx; yÞ ¼ R dλfðλÞS n ðx; y; λÞ, where the weight fðλÞ includes both the source spectrum and the energy response of the detector. An equation equivalent to Eq. (4) can then be written in the polychromatic case as
where we have defined the effective transmission T eff ðx; yÞ ≡ R dλfðλÞ exp½−pðx; y; λÞ and the effective δ=μ ratio
dλfðλÞγðλÞ exp½−pðλÞg. Moreover, we have assumed that γ eff is approximately constant within the field of view so that it can be taken out of the Fourier transform. It can be shown that this amounts to assuming that no significant beam hardening occurs as an effect of broad polychromaticity and object attenuation, such that the spectrum does not vary significantly among different regions of the image. Equation (5) can then be easily inverted to obtain the effective object absorption map: Z dzμ eff ðx; y; zÞ ¼ − log
The 3D distributions of μ eff and δ eff ¼ γ eff μ eff can then be calculated by applying standard CT reconstruction methods such as filtered backprojection (FBP) from a single image S n ðx; yÞ acquired on one of the slopes of the illumination curve. It must be noted that beam-hardening artifacts might affect the quality of the CT reconstruction, especially for large and/or dense samples, similar to conventional absorption-based CT [28] ; therefore, adaptation to XPCI of the correction methods developed for conventional CT might be necessary to correct for these effects.
III. EXPERIMENTAL VERIFICATION
The proposed single-image method is validated experimentally using one of the EI laboratory setups installed at University College London. The setup is based on a Rigaku MicroMax 007 HF x-ray tube with a molybdenum rotating target. The x-ray tube is operated at 40 kV and 25 mA and has an effective focal spot of about 70 μm (full width at half maximum). The detector is a Hamamatsu C9732DK flat panel, a passive-pixel CMOS with a pixel size of 50 × 50 μm 2 . The sample and detector masks are manufactured by gold electroplating on a graphite substrate (Creatv Microtech, Inc., Potomac, MD). They are oriented with their apertures in the vertical direction and are placed, respectively, 1.60 and 1.98 m from the source. The pitch and aperture size of the masks are, respectively, 79 and 10 μm (sample mask) and 98 and 17 μm (detector mask). The setup employs a lineskipping configuration, whereby only every other detector column is illuminated in order to reduce cross talk between pixels. It is worth mentioning that the spatial sampling in the SINGLE-SHOT X-RAY PHASE-CONTRAST COMPUTED … PHYS. REV. APPLIED 7, 044029 (2017) 044029-3 object plane along the horizontal direction is equal to the sample mask pitch, i.e., 79 μm in this case, unless an additional scan of the sample is performed in the direction orthogonal to the mask lines [10] .
In the first example, we compare the new single-image method with the conventional EI retrieval on a custom-built phantom consisting of (1) a hollow plastic cylinder, (2) a plastic rod, (3) a second, smaller hollow plastic cylinder, (4) rolled plastic paraffin film, and (5) chalk inside a plastic container [cf. Fig. 2(a) ]. The single-image acquisition is performed on the left slope of the illumination curve. A continuous rotation of the object over 360°is carried out with an angular step of 0.9°(corresponding to a total of 400 projections) and an exposure time of 1 s per projection. The total acquisition time is, therefore, equal to 6 min 40 s. For the conventional EI retrieval method, the same acquisition is repeated at the right slope of the illumination curve, leading to a total time of just above 13 min 20 s. Twenty images without object (flat fields) are acquired at both positions to correct for beam, masks, and detector nonuniformities. Equation (6) followed by the FBP algorithm with a ramp filter is used for CT reconstruction of single-image data. The exact materials of the sample are unknown, but an average value of γ eff ¼ 9.32 × 10 −7 cm is assumed, corresponding to δ ¼ 6.62 × 10 −7 and β ¼ 0.71 cm −1 for polyethylene terephthalate at 21 and 19 keV, respectively (approximate effective energies for the refraction and attenuation signals [7] ). For the standard EI reconstruction, the refraction angle map is first extracted for every angle using the two-imageretrieval method presented in Refs. [17] [18] and the 3D map of the refractive index reconstructed using the FBP algorithm with the Hilbert filter [7] .
Axial slices of the sample obtained using the two-image and single-image algorithms are presented in Figs. 2(a)  and 2(b) , respectively. The image reconstructed with the proposed single-image algorithm shows comparable image quality and qualitative agreement with the other reconstruction. Only the region surrounding the chalk is affected by blurring artifacts due to a much smaller value of γ eff for this material (γ eff ¼ 7.1 × 10 −8 for calcite). This unwanted effect was already observed in single-distance retrieval methods based on the FSP technique, and algorithms aimed to eliminate it were developed [29] [30] . The average reconstructed values for δ are for the two-image and single-image algorithms, respectively, big hollow cylinder (5.8 × 10 −7 , 5.1 × 10 −7 , −12% difference), rod (6.2 × 10 −7 , 5.7 × 10 −7 , −7.4% difference), and small hollow cylinder (6.7 × 10 −7 , 7.1 × 10 −7 , þ5.7% difference). As can be seen, the reconstructed values obtained with the proposed method show reasonable agreement with the conventional EI retrieval, despite the exact ratio γ eff of the considered materials being unknown and not the same for the various materials. It should be mentioned that, due to the divergent nature of the beam, a fan-beam CT reconstruction [31] will be potentially more accurate than the one used here based on the assumption of a parallel beam. However, for the small sample sizes considered in this study, this was not considered to be important (i.e., the reconstructed images do not show blurring or distortion effects attributable to the fan beam). Fan-beam CT reconstruction will need to be implemented in the future when the proposed method will be scaled up for use on larger samples.
In the second example, we show that the method can provide high-quality reconstructions also for biological objects with complex geometry, despite the simplified setup and the short acquisition times. In Figs. 3(a) Acquisitions are performed using the same parameters as for the plastic phantom with the same total acquisition time of 6 min 40 s. In this case, the precise chemical composition of the samples is unknown, and it is, thus, chosen to adjust the value of γ eff in Eq. (6) until an optimal image is reconstructed from a qualitative point of view (as is common procedure also for the single-image methods based on FSP [13] ). The reconstructions show that the sample structures can be clearly visualized and, thus, that the proposed method is very interesting also for the imaging of biological samples.
Finally, we present preliminary data showing that the results obtained so far can be still considerably improved   FIG. 2 . Reconstructed axial slices of the plastic phantom obtained (a) with the conventional EI retrieval algorithm and (b) with the single-image-retrieval algorithm. The objects inside the phantom are (1) a hollow plastic cylinder, (2) a plastic rod, (3) a second, smaller hollow plastic cylinder, (4) rolled plastic paraffin film, and (5) chalk inside a plastic container.
with further optimizations of the setup. In particular, we have repeated the CT of the rat heart by replacing the Hamamatsu CMOS detector with Pixirad, a directconversion single-photon-counting detector [32] . The virtually negligible electronic noise and the almost 100% detection efficiency enable us to reduce the scan times without significantly affecting the image quality. In Fig. 3(e) , we show the reconstruction obtained with a total acquisition time of only 3 min 20 s (400 projections, 0.5-s exposure, continuous rotation) in a similar position as to that depicted in Fig. 3(d) . Importantly, we see that the image quality is not affected due to the shorter integration time, and, instead, a slightly improved spatial resolution is observed due to the lower cross talk between pixels. It should also be pointed out that, since cross talk is smaller, a line-skipping configuration would not be needed with this detector. Masks with a period reduced by half have already been designed for this setup and are expected to provide even better image quality and/or enable shorter exposure times when they become available.
IV. CONCLUSION
We demonstrate that the proposed single-image XPCI CT method enables achieving acquisition times well below those previously obtained with XPCI setups based on standard x-ray tubes. To our knowledge, in particular, the shortest acquisition time reported in the literature was 25 min (obtained by our group using a laboratory setup based on EI [10] ), while most other studies were conducted using acquisition times on the order of few to several hours [6, [33] [34] . Because of the simplicity of the setup, which eliminates the need for a movement of the optical elements during acquisition, and to the very short acquisition times it enables achieving, we expect the proposed method to find application in a variety of fields where fast acquisitions are of paramount importance. Ground beetle: (a) axial slice reconstructed using the single-image method and (b) a vertical section through the volume. Rat heart: (c) axial slice reconstructed using the single-image method, (d) a vertical section through the volume, (e) corresponding preliminary result obtained using the single-photon-counting Pixirad detector.
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